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This dissertation analyses artifacts in NMR images. In medical practice, the artifacts can impede 
proper diagnostics of pathological tissues and, for this reason, need to be eliminated. In this 
thesis, an analysis of the most frequent image artifacts is performed to eliminate the occurrence 
of these undesired effects. In connection with artifacts caused by inhomogeneity of the static 
magnetic field, a novel dual measurement method is discussed. The thesis describes a method for 
estimating the basic and RF field inhomogeneity in NMR based on the measurement of T2 and 
T2
*
. The technique combines the gradient and spin echo acquisition procedures to differentiate 
the T2 and T2
*
 relaxation times. Exponential approximation of the relaxation process has to be 
performed. Importantly, experimental results for the plastic and copper specimens are shown. 
It is vital to note that a significant and commonly found problem lies in the magnetic 
susceptibility artifact; different magnetic susceptibility values at the boundary between two 
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Tato disertační práce analyzuje artefakty v NMR obrazech. V lékařské praxi mohou artefakty 
zabránit diagnostice patologických tkání, a proto je třeba tyto nežádoucí jevy odstranit. 
Vzhledem k nutnosti vyloučit artefakty způsobené nehomogenitou statického magnetického pole 
jsou v dané souvislosti diskutovány také nové možnosti měření deformací. Práce popisuje 
metodu pro měření základního pole i RF pole a jejich nehomogenit na základě měření MR 
obrazů T2 a T2
*
. Metoda kombinuje akviziční postupy pro spinové a gradientní echo za účelem 
rozlišení relaxačních časů T2 a T2
*
. V této souvislosti také vyvstává potřeba provést 
exponenciální aproximaci relaxačního procesu. Experimentální výsledky pro plastové i měděné 
vzorky jsou prezentovány v příslušné části práce. Pokud jde o vlastní členení popisovaných jevů, 
je třeba uvést, že významný problém představují artefakty způsobené magnetickou 
susceptibilitou. Různé hodnoty magnetické vodivosti na rozhraní mezi dvěma materiály mohou 
způsobit deformaci magnetického pole, přičemž může dojít i k úplné ztrátě signálu. 
 
KLÍČOVÁ SLOVA 
Artefakt, magnetická rezonance, MR tomografie, MR zobrazování (MRI), metoda gradientního 




BIBLIOGRAFICKÁ CITACE  
 
AL KHADDOUR, M. The study of artifacts in MR tomographic images for medical and 
technical applications. Brno: Vysoké učení technické v Brně, Fakulta elektrotechniky 






AL KHADDOUR, M. Studie artefaktů v MR tomografických snímcích pro lékařské a technické 
aplikace. Brno University of Technology, Faculty of Electrical Engineering and Communication, 





I hereby confirm that I have elaborated the thesis independently, on the basis of the provided  
references under the supervision of Associate Professor Radek Kubásek, Ph.D. 
 
 
Brno ……………......                                                                                 ....................................... 






Prohlašuji, že jsem disertační práci vypracovala sama za použití uvedené literatury pod 
dohledem svého školitele doc. Ing. Radek Kubásek, Ph.D. 
 
 
V Brně dne ...................                                                                             ....................................... 







I would like to thank my supervisor Associate Professor Radek Kubásek, Ph.D. for his 
comments, effective methodological, pedagogical and technical assistance, and other valuable 
advice during the processing of my dissertation. I also thank my family for the granted academic 
background, patience and moral support. I also thank everyone else who contributed to the 







In Brno..............................                                                                          ..................................... 




List of abbreviations and symbols 
Abbreviations 
2D ............................................................ Two-Dimensional 
ADC ......................................................... Analog-to-Digital Converter 
ASCR ....................................................... Academy of Sciences of the Czech Republic    
CT ............................................................ Computerized Tomography  
Cu ............................................................ Copper 
DAM ........................................................ Double Angle Method   
EPI ........................................................... Echo-Planar Imaging   
FID ........................................................... Free Induction Decay  
FOV ......................................................... Field of View    
FSE .......................................................... Fast Spin-Echo   
GE ............................................................ Gradient Echo  
IFFT ......................................................... Inversion Fast Fourier Transform   
ISI ............................................................ Institute of Scientific Instruments  
M.............................................................. MagnetizationVector  
MR ........................................................... Magnetic Resonance  
MRI.......................................................... Magnetic Resonance Imaging  
MT ........................................................... Magnetization Transfer   
MTR ........................................................ Magnetization Transfer  Ratio    
NMR ........................................................ Nuclear Magnetic Resonance 
NMV ........................................................ Net Magnetization Vector  
OCT ......................................................... Optical Coherence Tomography 
ppm .......................................................... Parts Per Million      
RF ............................................................ Radio Frequency 
SE ............................................................ Spin Echo 







AE Maximum amplitude of an echo signal (-) 
B Magnetic field (T) 
B0 Static magnetic field (T) 
B1 Radio-frequency (RF) field (T) 
 B Magnetic induction field reactions (T) 
𝐸 Mathematical expectation operator (J) 
𝐸 ↑ Spin energy in the pointing-up state (J) 
𝐸 ↓ Spin energy in the pointing-down state (J) 
f0 Resonance frequency of the nuclei in a magnetic field B0 (Hz) 
G0 Magnetic field gradient (T·m
-1
) 
Gr Magnetic field gradient in a general direction r (T·m
-1
) 
Gx, y, z Gradient magnetic field along the axis x (or. y and z) (T·m
-1
) 
h  Planck's constant (
346,626 10h   ) (J·s) 
 Reduced Planck's constant  (J·s) 
J Angular momentum (kg·m
2·s-1) 
K Boltzmann constant K =1.38·10-23 (J·K-1) 
𝐿 Angular momentum (kg·m2s−1) 
m0 Magnetic quantum number (-) 
ms Nuclear spin quantum number (-) 
M Magnetization vector (A·m-1) 
  
M0 Size of the magnetization vector (A·m
-1
) 
MT Transversal magnetization vector (A·m
-1
) 




0 Thermal equilibrium value of ?⃗⃗?  established by B0 (A·m
-1
) 
?⃗⃗?  Bulk magnetization vector (A·m
-1
) 
MZ Size of the magnetization vector in the z-axis (A·m
-1
) 
Mz Longitudinal magnetization vector (in the z-direction) (A·m
-1
) 
Ns Total number of spins (-) 
N Number of atoms (-) 
𝑁 ↑ Number of pointing – up spins (-) 
𝑁 ↓ Number of pointing – down spins (-) 
t Time variable (-) 
T1 Longitudinal relaxation time constant (s) 
T2 Transverse relaxation time constant (s) 
*
2T  Transverse relaxation time constant (s) 
TE 
Echo time (s) 
Ts Absolute temperature of a spin system (K) 
TR Repetition time in an imaging sequence (s) 
TP Gradient time (s) 
X, Y, Z Axes of the coordinate system (m) 
X´, Y´, Z´
  
Spatial coordinates rotating system (m) 
α Flip angle (rad)  
  
β Flip angle (rad) 
𝛾 Gyromagnetic ratio of the core (rad·s-1·T-1) 
  Reduced gyromagnetic ratio of the core  (Hz·T-1) 
𝜇 Magnetic moment (A·m2) 
𝜇n Magnetic moment (A·m
2
) 
𝜇 n Magnetic moment of the nucleus spin (A·m
2
) 

































1 INTRODUCTION ................................................................................................................................... 5 
2 THE AIM OF THE THESIS .................................................................................................................... 8 
3 MAGNETIC RESONANCE IMAGING ................................................................................................. 9 
3.1 Introduction to magnetic resonance imaging ................................................................................. 9 
3.2 Basic concepts of MRI................................................................................................................... 9 
3.3 Relaxation times .......................................................................................................................... 11 
3.4 Bulk magnetization ...................................................................................................................... 12 
3.5 MR imaging ................................................................................................................................. 14 
3.6 Radio frequency echo .................................................................................................................. 14 
3.7 Three-pulse echoes ...................................................................................................................... 16 
3.8 Relaxation .................................................................................................................................... 17 
3.8.1 T1 recovery .............................................................................................................................. 17 
3.8.2 Relaxation time T2 .................................................................................................................. 18 
3.9 Spin echo ..................................................................................................................................... 20 
3.9.1 Homonuclear coupling ........................................................................................................... 21 
3.9.2 Heteronuclear coupling .......................................................................................................... 21 
4 THE BASICS OF MAGNETIC RESONANCE IMAGING ................................................................. 23 
4.1 The meaning and use of MR ........................................................................................................ 23 
4.2 Macroscopic spin magnetization vector ...................................................................................... 25 
4.3 The Bloch equation ...................................................................................................................... 26 
4.4 Spin excitation ............................................................................................................................. 30 
4.5 Non-selective excitation .............................................................................................................. 31 
5 IMAGE ARTIFACT AND RADIOFREQUENCY FIELD B1 .............................................................. 32 
5.1 Image artifact ............................................................................................................................... 32 
5.1.1  Gibbs ringing artifact .............................................................................................................. 33 
5.1.2 Aliasing artifact ...................................................................................................................... 33 
5.1.3 Chemical shift ......................................................................................................................... 34 
5.1.4 Motion artifacts ...................................................................................................................... 35 
5.1.5 Data clipping artifacts ............................................................................................................. 36 
5.1.6 Crosstalk artifact ..................................................................................................................... 37 
5.2 Radiofrequency field B1 ............................................................................................................... 37 
 2 
 
5.2.1 B1 errors .................................................................................................................................. 38 
5.2.2 B1 error measurement ............................................................................................................. 38 
5.2.3 Voxel volume ......................................................................................................................... 40 
5.2.4 Artifacts in the measured image ............................................................................................. 42 
5.3 Artifacts due to resonance offset ................................................................................................. 44 
5.4 Artifacts due to T2
*
 relaxation ...................................................................................................... 45 
6 EXPERIMENTAL MEASUREMENTS ............................................................................................... 46 
6.1 Unsymmetrical spin echo method ............................................................................................... 60 
6.2 Correction of B1 errors ................................................................................................................. 62 





LIST OF FIGURES 
Figure 1: The proton precession motion in a stationary magnetic field; the distribution of nuclear 
magnetic moments observed at an arbitrary instant of time. ............................................... 10 
Figure 2: The Zeeman splitting for a spin -1/2 system. ......................................................................... 12 
Figure 3: The formation of the spin echo pulse sequence. ..................................................................... 14 
Figure 4: The vector diagram illustrating the refocusing of the isochromats in a spin-echo experiment.16 
Figure 5: The train of three RF pulses generates primary spin echoes, one secondary spin echo, and one 
stimulated echo. ................................................................................................................... 17 
Figure 6: The relaxation curves T1. ........................................................................................................ 18 
Figure 7: The relaxation curves T2. ........................................................................................................ 19 
Figure 8: The refocusing of the τ - 180° -τ – pulse sequence. ............................................................... 21 
Figure 9: The MR tomographic slices of a human head. ....................................................................... 23 
Figure 10: A detail of the shoulder and its anatomy. ............................................................................. 24 
Figure 11: An MR image of a 34-year-old man with angina pectoris ................................................... 24 
Figure 12: The Motion vector magnetization M. ................................................................................... 27 
Figure 13: An Aliasing artifact. ............................................................................................................. 34 
Figure 14: Simulated ghost and blurring artifacts due to periodic motion: (a) ideal snapshot image, and (b) 
artifacted image. ................................................................................................................... 36 
Figure 15: A cross-sectional image of the lower abdomen with motion artifacts [35]. ......................... 36 
Figure 16: The radiofrequency field B1. ................................................................................................. 37 
Figure 17: The radiofrequency field B1. ................................................................................................. 37 
Figure 18: The theoretical transverse magnetization Mxy presented within a phase-sensitive B1 mapping 
excitation scheme. ................................................................................................................ 41 
Figure 19: The scheme illustrates the placement and dimensions of the specimen. .............................. 46 
Figure 20: A detailed view of the sample and its holder........................................................................ 46 
Figure 21: The scheme illustrates the placement of the specimen. ........................................................ 47 
Figure 22: Samples of  copper and plastic. ............................................................................................ 47 
Figure 23: The algorithm for the processing of phase images obtained via the GE technique. the input data 
consist of a 2D matrix of the complex numbers forming the measured image. ................... 48 
Figure 24: a) The relaxation process after excitation, b) The flip angle representation. ....................... 50 
Figure 25: Magnitude images for the GE sequence (TE = 5 ms and 10 ms). ........................................ 50 
Figure 26: Magnitude images for the GE sequence (TE = 20 ms and 30 ms). ...................................... 51 
Figure 27: Magnitude images for the GE sequence (TE = 50 ms)......................................................... 51 
Figure 28: Maps of the B0 inhomogeneity estimation and final results for the measurement without the 
sample. ................................................................................................................................. 53 
Figure 29: Maps of the B0 inhomogeneity estimation and final results for the plastic sample. ............. 53 
Figure 30: Maps of the B0 inhomogeneity estimation and final results for cu α =90°. .......................... 54 
Figure 31: Maps of the B0 inhomogeneity estimation and the obtained final results. ............................ 55 
Figure 32: Flip angle errors for no sample and the plastic material. ...................................................... 56 
Figure 33: Flip angle errors for Cu (α =30°, α = 45°, α = 90°). ............................................................. 57 
Figure 34: The magnetic field measurement in the workspace of the tomograph (left) and a view of the 
actual workspace (right). ...................................................................................................... 58 
Figure 35: The tomograph operated by the ISI, ASCR Brno. ................................................................ 59 
Figure 36: Section through the tomograph. ........................................................................................... 60 
Figure 37: The spin echo sequence with the time interval Tp inserted into the interval T1 for mode I and T2 




LIST OF TABLES 
 
Table 1: Properties of some NMR-active nuclei. .................................................................................. 10 
Table 2: The gradient echo method at T2. ............................................................................................ 49 






This dissertation examines artifacts which occur in images acquired with a magnetic 
resonance (MR) tomograph. The captured images are frequently applied in medicine, mainly to 
display soft tissues. According to the sensed values, we distinguish between proton density-
weighted images, the T1 relaxation time, and the T2 relaxation time [1]. 
The thesis describes artifacts measured by MR tomography and proposes different methods 
to eliminate their sources. Artifacts represent various errors in images, and to improve the 
quality, these errors need to be eliminated to the highest possible degree. The dissertation 
presents certain newly emerged methods for eliminating image artifacts and aims to explain 
techniques for magnetic susceptibility measurement [2]. In areas with susceptibility artifacts, 
a numerical model of magnetic field deformation will be proposed, and a method of measuring 
magnetic susceptibility in substances will be applied. On the basis of the information related to 
the size of the magnetic susceptibility measured in a substance, we can set the appropriate 
parameters to measure the sequence or consider a different method of examination. 
Image processing methods (static and dynamic) are utilized in many fields of industry as an 
instrument for measuring the qualitative and quantitative parameters of the production procedure 
[2],[3]. Another important  sector is the processing of medical images. Typically, these images 
are processed by traditional methods, which may be rather time-consuming and expensive, 
especially if we consider the number of specialists involved. This is caused by the absence of 
special methods for image processing.  
The set of basic imaging techniques in medicine includes the well-known X-ray and CT 
tomography approaches. The main disadvantage of these techniques is their very principle based 
on the exposure to ionizing radiation. This drawback can be eliminated via methods based on 
nuclear magnetic resonance (NMR) because the applied frequencies do not cause negative 
effects on tissues following routine exposure to the magnetic fields. Another advantage of MR 
imaging consists in its higher contrast [4],[5]. At present, MR imaging techniques are 




Alternative imaging techniques include, for example, optical coherence tomography (OCT). 
This method enables us to obtain grayscale images (similar to MR) of biological tissues in 
micrometer resolution. In addition to displaying thin layers of the skin, mucous membranes, and 
teeth, OCT is frequently used in ophthalmology to facilitate the study and diagnosis of retinal 
eye diseases. The various methods for the processing of MR images comprise a wide spectrum of 
individual steps. The first task in the sequence is preprocessing (image reconstruction, brightness 
transformation, geometric transformation, noise filtering, edge detection, and image sharpening). 
This phase is followed by the extraction of objects from an image via segmentation methods. 
Generally, image segmentation plays a very important role among the stages after preprocessing; 
the accuracy of image segmentation depends on the accuracy of the subsequent qualitative and 
quantitative description, further image processing, visualization, and other aspects. 
One of the central elements discussed in this thesis is a method for the estimation of basic 
and RF field inhomogeneity in NMR based on the measurement of T2 and T2
*
. The method 
combines the gradient and spin echo acquisition techniques to differentiate the T2 and T2
*
 
relaxation times. Exponential approximation of the relaxation process has to be performed. The 
proposed solution can be used for the classification of healthy and affected tissues scanned by 
means of MR or other methods. The dissertation provides examples of practical applications of 
the designed segmentation methods; these techniques are based on the solution of partial 
differential equations. A modern image processing approach useful for the segmentation of real 
images burdened by noise or having blurred edges consists in active contours.  
The principle of nuclear magnetic resonance is very often employed for tomographic 
imaging. Besides other fields of human activity, MR imaging has found wide application in 
medicine, especially because it utilizes tomographic interaction of nuclei with static and RF 
magnetic fields and thus has certain advantage over comparable non-invasive techniques. No 
harmful effects of this interaction on the human organism have been detected to date. Another 
important factor is the high contrast in the MR imaging of soft tissues, such as the brain or 
muscles. In this respect, the author presents MR tomographic sections of a human head. 
 7 
 
A significant feature of MR tomography lies in its ability to view the spatial distribution of 
spins in the selected layer (the relaxation times T1 and T2, fluid velocity, spin diffusion 
properties, or chemical shift). These approaches currently offer new diagnostic possibilities.  
Interesting applications include also functional MR tomography imaging, localized 
spectroscopy, and spectroscopic imaging. Localized NMR spectroscopy is applicable in the 
measurement of the spectrum in the defined area of the brain. Spectroscopic imaging, by 
contrast, facilitates the measuring of the distribution of selected chemicals in the brain. 
The development of MR tomography observable in both the new exciting pulse experiments 
and medical diagnostics is currently very fast; it focuses on MR spectroscopic imaging, 





2 THE AIM OF THE THESIS 
The aim of this work is to propose a method to suppress the effect of the inhomogeneity of 
the static magnetic field in the measurement of error B1 performed with magnetic resonance 
imaging. Also, in this context, the technique should facilitate the basic and RF field 
inhomogeneity estimation in NMR based on the measurement of T2 and T2
*
. The method 




The dissertation deals with techniques of measuring and mapping a magnetic field for the 
purpose of setting the magnetic field homogeneity in MR devices or other related applications, 
including the analysis and elimination of systematic and random error measurements in magnetic 
fields. 
The thesis introduces a brief overview of artifacts in measurements carried out with 
a magnetic resonance tomograph and describes multiple approaches to eliminating the sources of 
these artifacts. In this context, one of the most common sources is magnetic susceptibility, which 
significantly affects MR imaging, leads to intensity distortion in the image, and deforms the 
phase. 
In the following chapters, attention is therefore paid primarily to problems within the actual 
measurement of artifacts. The experimental part of the mapping techniques will be validated 
using the 200 MHz MRT scanner operated by the Institute of Scientific Instruments, Academy of 
Sciences of the Czech Republic, Brno (ISI, ASCR). The mapping methods will be be evaluated 
in terms of the achieved accuracy and effectiveness of the mapping process. Considerable 
emphasis will be placed on comparing various MRI methods. Generally, the proposed techniques 
will facilitate more efficient extraction of information from image data, thus accelerating the 
related diagnoses. Within the given context, a major indicator consists in the robustness of the 
concrete methods applied.  
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3 MAGNETIC RESONANCE IMAGING 
3.1 Introduction to magnetic resonance imaging 
Magnetic resonance imaging is a technique providing high quality images of the human 
body in the medical field. MRI is based on the principles of nuclear magnetic resonance (NMR), 
a spectroscopic technique used to capture the chemical and physical properties of molecules. 
Compared to the X-ray method, MRI can provide more detailed images of the human body. 
Although it is quite easy to acquire images via an MR scanner without understanding the 
underlying principles, high quality parameters and methods are, by contrast, attainable and 
explainable merely on the basis of solid comprehension of such fundamental aspects. 
3.2 Basic concepts of MRI 
The rudimentary physics of MRI is based on the influence of an external magnetic field on 
the nuclear magnetic vector moment of protons in hydrogen; without an external magnetic field, 
the hydrogen atoms rotate around their axes. These rotations are referred to as spins because each 
atom has its magnetic field in the direction of the axis. With the external magnetic field B0, 
however, all directions of the spins will be along or against the applied external field. An 
additional spin is caused by the external magnetic field B0, which is called nuclear precession; 
here, precession is the circular motion of the axis of rotation of a spinning body around another 
fixed axis. 
In the proposed description, the spin is represented by the vector µ, which is referred to as 
the magnetic moment; here, the coordinate system is designed according to the main field B0, 
where the Z axis is parallel to B0, and the axes X and Y are perpendicular to B0. In particle 
physics, the angular momentum vector and the magnetic moment are given according to the 
formula 
𝜇 = 𝛾𝐿,  3.1 
where γ is the physical constant referred to as the gyromagnetic ratio. Its unit is expressed as 
rad.s-1.T-1. The gyromagnetic ratio depends on the core unit, the number of protons, and the type 
of nucleus [6]. 
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The Larmor frequency corresponding to the B0 field is given by the following equation: 
𝜔0 = 𝛾𝐵0   𝑜𝑟   𝑓0 = 𝛾
𝐵0
2𝜋
 .  3.2 
 
Figure 1: The proton precession motion in a stationary magnetic field; the distribution of nuclear magnetic moments 
observed at an arbitrary instant of time. 
The last equation shows that ω0 is linearly related with the gyromagnetic ratio γ, which is a 
constant, and with the strength of the external magnetic field B0. The hydrogen nucleus is very 
important for magnetic resonance as it has only one proton and is found abundantly in the human 
body. Moreover, it is characterized by a large magnetic moment. In water, the γ value of the 
hydrogen proton is roughly γ = 2.6752·108 rad.s-1.T-1. The gyromagnetic ratio of other nuclei is 
smaller; for example, the core of the sodium isotope  
23
Na exhibits γ = 7.075. 107 rad.s-1.T-1. 













H 1/2 1.000 42.58 
1
C 1/2 0.017 10.71 
1
F 1/2 0.834 40.05 
1




3.3 Relaxation times 
An MR image obtained using the gradient echo (GE) technique is phase-modulated by the 
magnetic induction change and, on condition of proper experimental arrangement, we can obtain 
a map of the magnetic field distribution in the specimen vicinity. For the calculation of the 
reaction field ∆B, we can give the following formula: 
∆𝐵 = 𝐵 − 𝐵0.   3.3 
The rate of the growth of magnetization flipping back along the direction of the static field 
B0 is called the longitudinal relaxation time T1, and this rate is constant. The magnetization time 
evolution is given by the formula for the Bloch equation after the magnetization has been rotated 
into the transverse plane: 
𝑀xy(𝑇E) = 𝑀0(1 − 𝑒
−𝑇𝑅 𝑇1⁄ )𝑒−𝑇E 𝑇2⁄ .   3.4 
This process is characterized by the precession of M about the B0 field (denoted as free 
precession) and by the destruction of the transverse magnetization Mxy, namely transverse 
relaxation. 
If the signal data are immediately sampled at the echo time ( TE ), the transverse 
magnetization magnitude is given by 
𝑀xy = 𝑀0 (1 − 𝑒
−
𝑡
𝑇1).   3.5 
The time constant T2 denotes the spin-spin decay. It is important to point out that T1 and T2 
are not the times at which the longitudinal and transverse relaxations are finished. When the T1  
and T2 relax after a 90° pulse, we have 𝑀x´y´(0+) = 𝑀z
0. 
The type of tissue influences the values of T1 and T2, where the T1 is longer than the T2; Fig. 
6 shows that the Mz will recapture about 63 % of the thermal equilibrium value after the time T1, 
while 63 % of the value will be lost in the plane x, y after the time T2. The free precession length 
is then dependent on the T2 value. 
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3.4 Bulk magnetization 
The sum of all microscopic magnetic moments is denoted as ?⃗⃗? . Here, 𝜇 n is the magnetic 
moment of the nucleus spin. 




where Ns is the total number of spins, and the energy of a spin depends on the orientation of 
the spin related to the external magnetic field B0 [6]. The nonzero difference in energy level 
between the two spin states is known as the Zeeman splitting phenomenon and is illustrated in 
Fig. 2. 
 
Figure 2: The Zeeman splitting for a spin -1/2 system.  
The energy of the magnetic moment µ in the magnetic field B is given as -µ·B. Here, in 
every distinct state the spin vector will possess a variant orientation. Its component parallel to the 
field has the values 𝑚ħ, where 𝑚 ranges from -I to +I; the energy of the m-th state is indicated in 
Fig. 2 above, where the nonzero difference in energy level between the two spin states is known 
as the Zeeman splitting phenomenon and ħ is the reduced Planck constant. We have 









𝛾ħ𝐵0,  3.9 
where the energy difference of the spin in the two cases is given by the equation 
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 △ 𝐸 = 𝐸 ↓ −𝐸 ↑= −𝛾ħ𝐵0.  3.10 







),  3.11 
where 
N↑: the number of pointing – up spins, 
N↓: the number of pointing – down spins, 
TS: the absolute temperature of the spin system , 
K : the Boltzmann constant ( 1.38·10-23 J/K ). 
In practice, there holds 
 ∆𝐸 ≪ 𝐾𝑇𝑠.  3.12 




) ≈ 1 +
𝛾ħ𝐵0
𝐾𝑇𝑠
.  3.13 







 ,  3.14 
where the level of zero energy between the two spin states is called the Zeeman splitting. 
 𝑁 ↑ −𝑁 ↓≈ 𝑁𝑠
𝛾ħ𝐵0
2𝐾𝑇𝑠
.  3.15 
The magnitude of the bulk magnetization vector is related directly to the external magnetic 
field strength B0, whose value ranges between 0.2 and 2T; here, Ns is the number of spins. 
Indirect relation then applies to the absolute temperature of the spin system, where it is possible 
to expand the bulk magnetization vector magnitude by increasing only B0 or decreasing TS. The 
following equation then shows that 
 𝑀𝑧
0 = |?⃗⃗? | =
𝛾2ħ2𝐵0𝑁𝑠
4𝐾𝑇𝑠
.  3.16 
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The spin must be at the lower energy state so that the distribution of the two spin states is 
uneven. 
3.5 MR imaging 
The RF radiation pulse at the resonant frequency is radiated into the tissue to initiate 
longitudinal magnetization, in which the RF excitation consists of two processes. The first one is 
denoted as reduction in Mz, and the second one is referred to as phase coherence; the state of 























Figure 3: The formation of the spin echo pulse sequence. 
The application of a 90° pulse produces the free induction decay signal (FID), which quickly 
disappears as the spins diphase. The application of a 180° pulse at the time τ after a 90° pulse 
produces an echo at the time 2τ after the 90° pulse. 
The transverse magnetization is the magnetic sum vector in the X-Y plane; the radio waves 
at the resonant state are created after establishing the longitudinal magnetization when the patient 
is at the MRI scanner. 
3.6 Radio frequency echo 
No less than two pulses are needed to create an RF echo; one of these pulses is at 90° and, 
after a short time, it is followed by other pulses at 180°. This echo signal is called the spin echo 
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(SE), where the echo signal is created by using two methods [6]. The first one utilizes  multiple 
pulses and is called the RF echo, while the other one uses a magnetic field gradient and is 
referred to as the gradient echo [7]. Here, dephasing is performed by the 180° pulse; Fig. 3 shows 
that Mx´y´ increases after the 180° pulse and assumes the maximum value at t = 2 τ. Thus, the 
Mx´y´ can be characterized according to the following formula: 
 |𝑀x´y´(𝜏 − 𝑡)| = |𝑀x´y´(𝜏 + 𝑡)|             0 ≤ 𝑡 ≤ 𝜏  3.17 
Also, the Mx´y´ is the symmetry around the time t = τ. The transverse magnetization is 
deleted during the dephasing t = τ, and Fig. 3 shows the spin echo signal at the 90° - τ - 180° 
pulses. When the 90° pulse is applied, the FID is produced, but when the 180° pulse is applied 
after the 90° pulse, an echo is produced at 2t. 
The two transforms shown below are applied; of these, the first one is the effect of an αy´- 









𝑀𝑥′𝑐𝑜𝑠 𝛼 −𝑀𝑧′𝑠𝑖𝑛 𝛼
𝑀𝑦′
𝑀𝑥′ 𝑠𝑖𝑛 𝛼 +𝑀𝑧′ 𝑐𝑜𝑠 𝛼
],  3.18 








(𝑀𝑥′𝑐𝑜𝑠 𝜔𝜏 + 𝑀𝑥′𝑠𝑖𝑛 𝜔𝜏)𝑒
−𝜏/𝑇2
(−𝑀𝑥′ 𝑠𝑖𝑛𝜔𝜏 +𝑀𝑦′ 𝑐𝑜𝑠 𝜔𝜏)𝑒
−𝜏/𝑇2
𝑀𝑧
0(1 − 𝑒−𝜏/𝑇2) + 𝑀𝑧′𝑒
−𝜏/𝑇2
].  3.19 
Consider an arbitrary isochromat of the frequency ω initially at the thermal equilibrium 
state. After the relevant α1 pulse, we have: 
 𝑀𝑥′(𝜔, 0+) = −𝑀𝑍
0(𝜔)𝑠𝑖𝑛 𝛼1,  3.20 
 𝑀𝑦′(𝜔, 0+) = 0,  3.21 
 𝑀𝑧′(𝜔, 0+) = 𝑀𝑍
0(𝜔) 𝑐𝑜𝑠 𝛼1.   3.22 
The values of the magnetization components after the τ delay are comprised in the equations 
 𝑀𝑥′(𝜔, 𝜏) = −𝑀𝑍
0(𝜔)𝑠𝑖𝑛 𝛼1 𝑐𝑜𝑠 𝜔 𝜏𝑒
−𝜏 𝑇2⁄ ,  3.23 
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 𝑀𝑧′(𝜔, 𝜏) = 𝑀𝑍
0(𝜔)(1 − 𝑒−𝜏/𝑇1) +𝑀𝑧
0(𝜔) 𝑐𝑜𝑠 𝜔 𝛼1𝑒
−𝜏 𝑇1⁄ ,  3.24 
 𝑀𝑧′(𝜔, 𝜏) = 𝑀𝑍
0(𝜔)(1 − 𝑒−𝜏/𝑇1) +𝑀𝑧
0(𝜔) 𝑐𝑜𝑠 𝜔 𝛼1𝑒
−𝜏 𝑇1⁄ ,  3.25 
where the echo signal is given by the formula 







(𝜔)𝑒−𝑡/𝑇2(𝜔)𝑒−𝑖𝜔(𝑡−𝑇𝐸)𝑑𝜔.   3.26 
Here, the t = TE value of the echo is expressed as 






)𝑒−𝑇𝐸/𝑇2(𝜔)𝑑𝜔𝑑𝜔 ,  3.27 




𝑒−𝑇𝐸/𝑇2 .  3.28 
In the above formula, the AE takes the maximum value of 𝑀z
0e−𝑇E 𝑇2⁄  at α1=90° and 




x x x x
y y y y












Figure 4: The vector diagram illustrating the refocusing of the isochromats in a spin-echo experiment. 
3.7 Three-pulse echoes 
Three SEs are generated by each pair of RF pulses. The first SE is produced from the action 
of the pulses α1 and α2 at t = 2τ 1, the time that divides the the first pulse from the second one; the 
second SE is produced from the action of the pulses α2 and α3 at t = τ1 + 2 τ2; and the third SE is 
produced from the action of the pulses α1 and α2 at t = 2(τ1+τ2). The echo established from the 
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combination of all three pulses is denoted as stimulated echo, and the five echoes are obtained 
from the three pulses shown in the following equation: 
 𝛼1 − τ1 − 𝛼2−τ2 − 𝛼3.  3.29 
Under the assumption that all the pulses are acquired along the y´ axis, we can present the 
following figure: 
 
Figure 5: The train of three RF pulses generates primary spin echoes, one secondary spin echo, and one stimulated 
echo. 
3.8 Relaxation 
During relaxation, the hydrogen nuclei give up the absorbed RF energy, and the NMV 
returns to B0. At the same time (but independently), the magnetic moments of hydrogen lose 
coherency due to dephasing. The relaxation results in the recovery of magnetization in the 
longitudinal plane and the decay of magnetization in the transverse plane. The recovery of 
longitudinal magnetization is caused by a process termed T1 recovery, while the decay of 
transverse magnetization is based on a mechanism referred to as T2 decay. 
3.8.1 T1 recovery 
T1 recovery is caused by the nuclei giving up their energy in favor of the surrounding 




Figure 6: The relaxation curves T1. 
The energy released to the surrounding lattice causes the magnetic moments of the nuclei to 
recover their longitudinal magnetization (magnetization in the longitudinal plane). The rate of 
recovery is an exponential process, with the recovery time constant referred to as the T1 
relaxation time. This is the time necessary for the longitudinal magnetization to recover in the 
tissue at 63% of the original value. 
3.8.2 Relaxation time T2 
T2 decay is caused by the nuclei exchanging energy with their neighboring nuclei. The 
energy exchange is caused by the magnetic fields of each nucleus interacting with its neighbor. 
The process is termed spin-spin relaxation and results in the decay or loss of the coherent 
transverse magnetization (magnetization in the transverse plane). The rate of decay is also an 
exponential process, and thus the T2 relaxation time of a tissue is its time constant of decay. This 




Figure 7: The relaxation curves T2.  
Nuclear magnetic resonance (NMR) is frequently used for tomographic imaging. In addition 
to other fields of human activity, magnetic resonance (MR) imaging finds wide application in 
medicine. This is because, compared to similar non-invasive tomographic techniques, the method 
utilizes the interaction of atomic nuclei with the static and RF magnetic fields. Thus far, no 
harmful effects of such interaction on the human body have been detected. Another important 
factor consists in the high contrast of an MR image in soft tissues, such as the brain or muscles. 
A significant feature of MR tomography is the ability to not only show the spatial 
distribution of spins in the selected layer but also obtain images weighted by different 
parameters, for example the relaxation times T1 and T2, liquid flow velocity, spin diffusion 
properties, or chemical feed rates. These types of imaging provide for new diagnostic 
possibilities. 
Other interesting applications include functional MR tomography imaging, localized 
spectroscopy, and spectroscopic imaging. 
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3.9 Spin echo 
The pulse sequence that measures the T2 relaxation time is in fact one of the most useful 
building blocks: at the end of the 2τ delay, the chemical shift and field inhomogeneity are 
refocused. The said building block begins with a first delay followed by a 180° degree refocusing 
pulse and ends with a second delay (of the same size as the first one) [7]. 
The 180° degree pulse can be applied along the "Y" axis, where the refocusing of the 
magnetization along the +Y axis occurs, or it can be applied along the "X" axis, in which case 
the same process emerges along the "-Y" axis. The phase cycling of the 180° pulse in a spin echo 
experiment is called EXORCYCLE. If the phase of the 180° degree pulse is varied through the 
sequence {x, y, -x, -y}, the magnetization refocuses along the sequel {y -y, y –y}. Then, it holds 
true that if the four signals are simply CO-added, they will cancel each other out, and if the 
receiver phase is adjusted to follow the refocused magnetization {y, -y, y, -y}, the signal will add 
up. 
In spectrometer encoding, the phase cycle would be written as: 
 0 1 2 3 (for the 180° pulse) 




Figure 8: The refocusing of the τ - 180° -τ – pulse sequence. 
3.9.1 Homonuclear coupling 
Homonuclear coupling is the scalar coupling that occurs between two similar nuclei (e.g., 
two protons occurring at different shifts will form an AX spin system - 2 doublets). 
In cases where homonuclear coupling occurs, the Hahn echo sequence will not refocus the 
homonuclear scalar coupling as the 180° degree pulse is inverting both nuclei at the same time. 
This double inversion gives rise to what is known as "J-modulation". 
3.9.2 Heteronuclear coupling 
Heteronuclear coupling is the scalar coupling that occurs between two different nuclei (e.g., 
Proton coupled to Carbon-13). The proton and the carbon signal will occur at very different 




This heteronuclear coupling will refocus during the Hahn echo sequence as the 180° degree 
pulse is inverting only one type of nucleus. To introduce "heteronuclear J-modulation", one 
needs to invert both nuclei with a 180° degree pulse. For a picture of both types of refocusing, 






4 THE BASICS OF MAGNETIC RESONANCE IMAGING 
4.1 The meaning and use of MR 
The principle of nuclear magnetic resonance is very commonly used for tomographic 
imaging; as it has already been pointed out, MR imaging has found wide application in medicine. 
This is because, compared to other non-invasive techniques, the tomographic method utilizes the 
interaction of atomic nuclei with static and RF magnetic fields [8]. No adverse effects of this 
interaction on the human organism have been detected thus far. Another important factor is the 
high contrast in MR imaging of soft tissues, such as the brain or muscle. An example of MR 







                  
Figure 9: The MR tomographic slices of a human head. 
 
The MR tomographic image presented below shows a detailed part of the human arm and its 
anatomical arrangement, Fig. 10. 
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Figure 10: A detail of the shoulder and its anatomy. 
An essential feature of MR tomography is its ability to not only view the spatial distribution 
of spins in the selected layer but also obtain images weighted by parameters such as the 
relaxation times T1 and T2, fluid velocity, spin diffusion, or chemical properties. These imaging 
possibilities then open new diagnostic horizons [9]. An example of angiographic images 
expressing the velocity of blood in arteries is embodied in Fig. 11, which displays a narrowed 
artery to the heart. 
 




The group of interesting applications includes, among other approaches, MR tomography 
functional imaging, localized spectroscopy, and spectroscopic imaging. Functional imaging is 
partially presented in Fig. 9, which shows the brain as the center of activity where the current of 
neurons changes in response to an external stimulus irritating the nervous system. Localized 
spectroscopy is used to measure the NMR spectrum in a pre-defined area of the brain, while 
spectroscopic imaging (as opposed to localized spectroscopy) enables us to measure the 
distribution of selected chemicals in the brain [10].  
The development of MR tomography manifesting itself in both the new pulse experiments 
and medical diagnostics is currently very fast; the described process can be clearly observed in 
MR spectroscopic imaging, especially that of the human brain [11]. 
To understand the principles of nuclear magnetic resonance phenomena and the behavior of 
the spin system with the application of different pulse sequences in MRI experiments, it is 
advisable to comprehend spin excitation, precession, and relaxation on the basis of the vector 
described by Bloch equations [12]. Vector description applies to either a single spin in 
a magnetic field or the common behavior of spins located in the same magnetic field. In the case 
of a large set of spins, the description of the spin magnetization behavior  involves a macroscopic 
magnetization vector M, which is the sum of all microscopic spin magnetization vectors. 
4.2 Macroscopic spin magnetization vector 
For a description of the common behavior, the macroscopic spin magnetization vector M is 
introduced, where μ is the magnetic moment vector [13]. 




The different energy occupancy levels can be expressed via the relationship 
 𝑁↑ − 𝑁↓ ≈ 𝑁𝑠
𝛾ℏ𝐵0
2𝐾𝑇𝑠
,  4.2 
where N↑ and N↓ are the higher and lower energy levels, Ts is the absolute temperature of 
the spin system, ħ is Planck's constant, and 𝐾 is the Boltzmann constant (1.38·10-23 J / K). The 








.  4.3 
An increase in the size of Mz
0
 can not be achieved by reducing the temperature (MRI 
experiments carried out at room temperature) or the number of spins in a volume of Ns: the 
increase can only be attained by expanding the magnetic field B0. Therefore, in the clinical use of 
MRI, it is very effective to increase the size of the magnetic field; then, the normal values range 





.  4.4 
For a spin system containing only protons, the difference in occupancy energy levels is 







.  4.5 
Substituting the following values 
= 2.  42,58·106 rad/T 
h = 6,6·10-34J.s 
Ts = 300 K (room temperature) 
K = 1.38·10-23 J/K 








= 3 · 10−6.  4.6 
This calculation points to the fact that, in commonly examined samples, the total number of 
particles to generate an MR signal is approximately 3 million protons [14]. This is the reason 
why the MR technique is referred to as a low sensitivity method [8]. 
4.3 The Bloch equation 
Magnetic resonance is a phenomenon that can be described in two ways. The quantum 
mechanical description captures well the behavior of the spin system [14]. The extended Bloch 
equations for spin relaxation suitably express the behavior of the spin excitation and free 
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precession. However, there are areas where the quantum mechanical description is strictly 




= 𝛾(M · 𝐵0),  4.7 
where M is the macroscopic spin magnetization vector, B0 is the vector magnetic field at the 
spin, and γ the gyromagnetic ratio of spins, which in protons corresponds to (spin 1/2) 2π (42,6 
·106) rad/(s) (T). This differential equation describes the rate of change of the magnetization 
vector in a homogeneous magnetic field [10],[15]. The resulting vector product M·B0 is again a 
vector perpendicular to the vectors M and B0 with the amplitude | M | | B0 | sinα, where α is the 
angle between M and B0. 
According to the Bloch equation, the vector of dM/dt  is always oriented perpendicular to the 
plane defined by two vectors and the vector M, and it will move on a circular path (Fig. 12). 
                                
Figure 12: The motion vector magnetization M. 
At the steady state, the magnetization vector M in the magnetic field B0 performs precession 
with the angular frequency . This follows from the solution of the differential equation (4.1), 
which can be written as 
 𝑀xy(𝑡) = 𝑀xy(0)𝑒
−𝑖𝛾𝐵0𝑡,  4.8 
 𝑀z(𝑡) = 𝑀z(0),  4.9 
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where Mxy and Mz are components of the vector M in the coordinate system x, y, z. Mxy (0) 
and Mz (0) then represent the initial values of the vector M. In the formula (4.2), it is assumed 
that the vector B0 has only one component in the direction z - B0.  
This angular frequency is called the Larmor frequency and is directly proportional to the 
magnetic field in which the spins are located [16]. The rotation of M around B0 is in a clockwise 
direction and can be determined by the left hand rule. This means that your left thumb points in 
the direction of the vector B0, and the fingers show the direction of the rotation of the vector M. 
In MR systems, there are three magnetic fields that act on the spins. The first is the basic 
magnetic field B0 + ΔB in the direction z. ΔB then describes the fuzziness of the basic field. The 
size of the workspace is less than 10
-7
 B0, and in some cases it may be neglected [17]. The 
second magnetic field gradient is the field 𝒌(𝑮. 𝒓) containing the component z. The gradient field 
depends linearly on the position vector r; G is the gradient vector, and k is the unit vector of the 
coordinate z. The third magnetic field acting on the spin system is the magnetic component B1 of 
the rotating radiofrequency field created by the RF system. This component is perpendicular to 











= 𝛾{𝑀 ∗ [𝑩𝟎 +  𝛥𝐵 + 𝒌(𝑮. 𝒓) + 𝑩𝟏]},  4.10 
where the first member of the left side of the equation describes the precession around B0. 
Analogously, the second member expresses the precession around the inhomogeneity of the 
basic field ΔB, then around the field gradient (Gr), and around the precession caused by the RF 
field B1. 
To simplify the description of the behavior of the spin system, it is advantageous to 
introduce a new coordinate system rotating around the direction of the basic magnetic field B0 
angular velocity: 
 𝜔0 = 𝛾 · |𝐵0|.   4.11 
In this rotating system of coordinates (x´ ,y´, z), the precession around B0 is not visible, and 








= 𝛾{𝑀 · [𝛥𝐵 + 𝒌(𝑮. 𝒓) + 𝑩𝟏]}.  4.12 
Since the inhomogeneity ΔB is located in the direction z, it can be neglected together with 
the imperatives of the component B0. Because the RF field component B1 is five orders of 
magnitude smaller than the B0 field and the spin precession in a rotating coordinate system is not 
visible, it may be part of the B1 field [18],[19]. The relation (4.13) can be expressed by the 









𝐵1𝑥´ 𝐵1𝑦´ 𝑮. 𝒓
| = (
0 𝑮. 𝒓 −𝐵1𝑦´






).  4.13 
 
The equation (4.14) is the matrix representation of the Bloch equations in the rotating 
coordinate system (x´, y´, z). It expresses the rotational motion of the macroscopic magnetization 
vector M in the presence of the RF and gradient magnetic fields [20]. 
At the steady state, the components Mx´ and My´ are zero in the transverse plane; the 
magnetization M is in the axis z (the system comprises only the longitudinal component). In the 
non-equilibrium state after excitation, the components in the transversal plane will not be zero 
(due to precession), and the system must return to equilibrium [21]. The relaxation process has to 
be introduced in the Bloch equations; relaxation processes were first defined by Fullerton. 
The spin-spin relaxation, which is characterized by the time constant of the exponential 
decrease T2, causes a decrease of the transversal magnetization MT owing to the dephasing of the 






 𝑜𝑟  𝑀T(𝑡) = 𝑀T(0)exp (−
𝑡
𝑇2
).  4.14 
The spin-lattice relaxation, characterized by the time constant of the exponential decrease in 
T1, causes the return of the longitudinal magnetization component Mz settled back into the 






 𝑜𝑟 𝑀z(𝑡) − 𝑀0 = (𝑀z(0) − 𝑀0)exp (−
𝑡
𝑇1
).  4.15 
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Then we can refer to the Bloch equations (4.14), considering both types of relaxation written 







−1 𝑇2⁄ 𝛾𝑮. 𝒓 −𝛾𝐵1𝑦´
−𝛾𝑮. 𝒓 −1 𝑇2⁄ 𝛾𝐵1𝑥´














By means of this equation, it is possible to design the spectroscopic and imaging techniques 
using nuclear magnetic resonance [11]. 
The consequence of particle rotation consists in the precession of the macroscopic magnetization 
vector M around the basic direction of the magnetic field (z-axis) without the presence of the RF 







−1 𝑇2⁄ 𝛾𝑮. 𝒓 0
−𝛾𝑮. 𝒓 −1 𝑇2⁄ 0









),  4.17 
which can be written in a simpler form when introducing complex notation for the transverse 
component of 𝑀𝑇 = 𝑀𝑥´ + 𝑗𝑀𝑦´ ; here, 𝑗 = √−1. After integration of the equation (4.18), we 
will obtain 
 𝑀𝑇(𝑡) = 𝑀𝑇(0)exp(−𝑗𝛾𝒓. ∫𝑮(𝑡)𝑑𝑡)exp (−
𝑡
𝑇2
),  4.18 
 𝑀𝑧(𝑡) − 𝑀0 = [𝑀0(0) − 𝑀0]exp (−
𝑡
𝑇1
),  4.19 
where the first exponential in equation (4.19) is the free precession in a transverse plane (x´, y´), 
and the other exponential in the formulas (4.19) and (4.20) describes the relaxation [21]. 
4.4 Spin excitation  
To excite the spin, the RF magnetic field B1 is used. At present, MR imaging and 
spectroscopy utilize non-selective RF pulses to excite spins in a very wide frequency band, and 
most spins in the sample will be in the excited state. For non-selective pulses, which exhibit 
lengths of less than 1ms, both types of relaxation (T1 ≈  1000  ms and T2 ≈  100 ms) can be 
neglected because they are longer than the excitation pulses [22]. 
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The second type of RF pulses embodies selective pulses, which are designed to excite spins 
only at a well-defined range of frequencies [12]. These selective pulses are typically longer than 
non-selective pulses (≈  1 to 50  ms), and they are suitably modulated (amplitude, frequency 
modulation, or a combination of both). 
4.5 Non-selective excitation 
Non-selective pulses are usually used without the application of gradient fields because they 
are able to excite all nuclei in the sample [23]. Gradient magnetic fields may cause the 
inhomogeneity of the basic magnetic field, but the amplitudes are small and can be neglected. 














),   4.20 
where the RF field is on the x´axis. The equation (4.20) comprises two linearly coupled 
differential equations [24]. 
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5 IMAGE ARTIFACT AND RADIOFREQUENCY FIELD B1 
5.1 Image artifact 
An artifact in the structure of an image is visible as a result of a limitation or malfunction in 
the hardware or software of the applied MRI device; in other cases, an artifact can be 
a consequence of environmental influences such as heat or humidity, and it can also be caused by 
the human body (blood flow, implants, etc.). Artifacts may also occur due to insufficient or 
inaccurate data. The knowledge of MRI artifacts (brit. artefacts) and noise-producing factors is 
important for maintaining high image quality [25],[26].  
Artifacts may be either very large or composed of only a few unbalanced pixels; in both 
these options, however, misreading of the pathology and the consequent inaccurate diagnosis 
could occur. 
Changes in the patient position, different pulse sequences, metallic artifacts, or other 
imaging variables may cause image distortions, which can be reduced by the operator; some of 
these artifacts are comparatively common and easy to deal with, but a substantial portion of 
others is very complex and requires careful analysis [27]. 
The process of magnetic resonance imaging involves many types of artifacts, and these are 
typically classified according to their basic principles. 
An artifact in an MRI image is a change or error which may be caused by a multitude of 
different reasons. The potential sources of artifacts may include the properties of the 
tomographic system, behavior of the measured tissue, poor choice of the measurement 
parameters or pulse sequences, and the use of unsuitable algorithms for data processing [28]. 
MRI images can comprise numerous artifacts, and their occurrence makes it difficult for 
specialists to perform tissue diagnostics. While some of the artifacts only affect the visual quality 
of the image, others can cause changes of such character that a healthy tissue may be interpreted 
as pathological [29]. For example, changes in the magnetization and magnetic susceptibility of 
certain materials generate artifacts that manifest themselves in a shift, blurring, or signal failure. 
Differences caused by the oxidation of hemoglobin are based on the oxygen level in blood and 
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can be established using MRI. Some artifacts nevertheless do not influence the diagnostics of a 
pathological tissue [30]. Additional conditions for the generation of a phase signal in relation to 
blood flow can cause image artifacts, but they also provide different possibilities for the 
measurement of flow velocity [31]. 
5.1.1 Gibbs ringing artifact 
The Gibbs or ringing artifact appears as a series of bright or dark lines arranged in parallel 
within the MR image, and it is caused by an overshoot or ringing of Fourier series occurring at 
discontinuities [25]. The described error does not occur visibly in smooth objects, namely planar 
areas.  
Fine lines visible in an affected image may be due to either undersampling of the high 
spatial frequencies or incomplete digitization of the echo. With more encoding steps, the Gibbs 
artifact becomes less intense and narrower [32]. 
The Gibbs phenomenon is a result of truncating the Fourier series model owing to finite 
sampling or lack of high-frequency data. Although Gibbs‘ ringing can occur in both phase- and 
frequency-encoding directions, it is more commonly observed along the phase-encoding 
direction because temporal constraints frequently limit the amount of high-frequency data 
collected along that direction [33]. 
 
5.1.2 Aliasing artifact 
Aliasing is an artifact that occurs in MR images when the field of view (FOV) is smaller 
than the body part being imaged, causing the region beyond to project on the other side of the 
image. As a consequence of the acquired k-space frequencies not being sampled densely enough, 
portions of the object outside the desired FOV get mapped to an incorrect location inside the 
FOV. The cyclical property of the Fourier transform fills the missing data of the right-hand side 
with the data from behind the FOV of the left-hand side and vice versa. This is caused by a too 
small number of samples acquired in the frequency encoding direction; thus, the spectra will 










Figure 13: The aliasing artifact. 
Aliasing in the frequency direction can be eliminated by twice as fast sampling of the signal 
or by applying low-pass filters to the received signal [34]. 
A similar problem occurs in the phase encoding direction, where the phases of signal-
bearing tissues outside the FOV in the y-direction constitute a replication of the phases that are 
encoded within the FOV. Phase encoding gradients are scaled for the field of view only, and 
therefore tissues outside the FOV do not get properly phase encoded according to their actual 
position and 'wrap' into the opposite side of the image [30]. 
Aliasing may be corrected by increasing the FOV (decreasing the resolution) or via 
oversampling the data in the frequency direction (standard) and increasing the phase steps in the 
phase-encoded direction; alternatively, aliasing can be remedied by swapping the phase and 
frequency directions so that the phase is in the narrower direction, or through the use of a surface 
coil where no signal will be detected outside the FOV [35]. 
5.1.3 Chemical shift 
Chemical shift depends on the nucleus and its environment, and it is defined as nuclear 
shielding secured via the magnetic field. The nuclei are shielded by a small magnetic field 
formed by circulating electrons; the strength of the shield depends on the molecular environment 
in which a nucleus is embedded. Nuclear shielding is the difference between the magnetic field 
of the nucleus and the applied magnetic field [36]. Chemical shift is measured in parts per 
million (ppm) of the resonance frequency relative to another (or a reference) resonance 
frequency. The major part of the MR signal comes from hydrogen protons; lipid protons 
contribute only a minor part. The chemical shift between water and fat nuclei is about 3.5 ppm 
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(~220 Hz; 1.5 T). Through this difference in resonance frequencies between water and fat 
protons at the same location, a misregistration (dislocation) by the Fourier Transform will occur 
when MR signals are converted from the frequency to the spatial domain. This effect is denoted 
as chemical shift artifact or chemical shift misregistration artifact. The degree of spatial 
displacement caused by chemical shifts can be readily calculated based on the known 
experimental parameters [32]. 
Artifacts caused by chemical feed can be eliminated via the approaches indicated below: 
• Using a fat technique suppressing (in practice, the most commonly used method referred to as 
the Short Inversion Recovery (STIR).  
• Increasing the size of a pixel at a constant field of view (FOV).  
• Increasing the bandwidth (reducing the signal-to-noise ratio).  
• Setting long echo times.  
• Changing the phase and frequency encoding direction. 
5.1.4 Motion artifacts 
The patient motion is the largest physiological factor behind the generation of artifacts, often 
resulting from involuntary movement (e.g., respiration, cardiac motion or blood flow, eye 
movements, or swallowing) and minor subject movements [37]. 
During a sequence, the motion of the object being imaged causes inconsistencies in the 
phase and amplitude, which leads to blurring and ghosting. The character of the artifact depends 
on the timing of the motion with respect to the acquisition. The sources of motion artifacts can 
also involve mechanical vibrations, cryogen boiling, large iron objects moving in the fringe field 
(e.g., an elevator), loose connections, pulse timing variations, and sample motion. These artifacts 
appear in the phase encoding direction, independently of the direction of the motion [38]. 
The above-specified artifacts can be reduced by breath holding, cardiac synchronization, or 
respiratory compensation techniques, namely triggering, gating, and retrospective triggering. 
Flow effects can be weakened through the use of various types of adjustment, for example 
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gradient moment nulling of the first order of flow, gradient moment rephasing, or flow 
compensation, all depending on the MRI system [27]. 
In restraining peristaltic motion, the intravenous injection of an anti-spasmodic agent may serve 
as a reliable means. By using multiple averages, we can reduce the respiratory motion and thus 
also increase the signal to noise ratio [39]. 
 
Figure 14: Simulated ghost and blurring artifacts due to periodic motion: (a) Ideal snapshot image, and (b) artifacted 
image. 
 
Figure 15: A cross-sectional image of the lower abdomen with motion artifacts [35]. 
5.1.5 Data clipping artifacts 
Data clipping artifacts result in a washed-out, non-uniform appearance of the images. If the 
receiver gain increases so that the signal level is larger than the maximum ADC value, the 
reconstructed image brightness is scaled to compensate for this effect. The overall intensity loss 
and the extensive signal are reconstructed outside the object. The described process is called 
'clipping' because, on a plot of signal amplitude vs. time, it appears as if the top and bottom of 
the echo were 'clipped off' with scissors [40]. 
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5.1.6 Crosstalk artifact 
The result of interference between multiple, overlapping slices; here, the necessary 
rectangularity of the slices cannot be guaranteed, and the signal intensities are distorted. The 
artifact may be reduced by using time gap, interleaving slices, or optimized (but longer) RF 
pulses [41]. 
5.2 Radiofrequency field B1 
In this chapter, the creation of a detectable signal will be presented. To excite nuclei, it is 
necessary to tip them away from the B0 field by applying a small rotating B field in the x-y 
transverse plane. We create the rotating B field by generating an RF electrical signal via a coil. 
By tuning the RF field to the Larmor frequency, a small B field (~0.1 T) can create a significant 







Figure 16: The radiofrequency field B1. 
 
Figure 17: The radiofrequency field B1. 
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).   5.1 
After the end of the RF pulse, the NMV “relaxes” back to B0 (away from B1); these RF 
pulses are applied very quickly in succession, thus forming an RF pulse sequence. 
5.2.1 B1 errors 
B1 errors constitute a problem in magnetization transfer ratio (MTR) measurements, where 
the MTR value is dependent on the amplitude of the magnetization transfer (MT) pulse. B1 errors 
can arise from radiofrequency (RF) nonuniformity (caused by the RF coil or the skin effect and 
dielectric resonance in the head of the subject) and also from inaccurate setting of the transmitter 
output when compensating for varying amounts of the RF coil loading. B1 errors, and hence 
MTR errors, may amount to 5 - 10%, thus constituting a large source of error in quantitative MR 
measurements. Radiofrequency nonuniformity may cause the broadening of MTR histograms 
[44],[45].  
The magnetization transfer ratio values tended to be slightly overcorrected because the 
simple linear correction scheme is only anapproximation to the true MTR dependence on B1. 
5.2.2 B1 error measurement  
A technique for the mapping of the B1 field was implemented based on the double angle 
method (DAM) with fast spin-echo (FSE) readout. This approach was used to quantify B1 errors 
and correct MTR maps and histograms [46],[47]. 
The FSE DAM B1 field mapping technique was utilized with respect to its robustness; 
however, a longer TR time may be desirable to ensure complete elimination of CSF partial 
volume errors [44]. 
Magnetization transfer (MT) imaging is a relatively new method for achieving contrast in 
MRI by exploiting the multicomponent relaxation behavior of tissues [43]. The magnetization 
transfer theory is based on the premise that protons in a tissue exist in two pools, a free water 
(liquid) pool (A) consisting of highly mobile spins and a restricted (semi-solid) pool (B), in 
which the protons are restricted or immobilized by being bound to the macromolecules. The 
restricted spins exhibit very short T2 relaxation times (~10- 15 µs), rendering this latter pool 
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invisible using conventional MRI methods [48],[49]. However, restricted protons are thought to 
be attached to macromolecules located in biological tissues such as myelin, the fatty sheath 
surrounding nerve fibers, and are therefore of considerable interest biologically. Magnetization 
transfer is the exchange of magnetization between the two pools via diffusion and dipolar 
interactions [50]. 
The semisolid pool can be selectively saturated by applying radiofrequency (RF) irradiation 
slightly off resonance for the free water pool but still within the broad range of the semisolid 
pool resonant frequencies [51]. The restricted pool signal is reduced, and this saturation is 
transferred to the free water pool via MT. The most widely used approach to measuring the 
amount of MT lies in the MT ratio (MTR), which is given by Eq. (5.2) and expressed in units of 
percent (pu). We have 
 𝑀𝑇𝑅 = 100 [
𝑀0−𝑀s
𝑀0
] 𝑝𝑢.   5.2 
One set of images is acquired with MT saturation (the MS signal) and one without it (M0), 
and the ratio is then calculated. The MTR depends on a combination of the sequence and tissue 
parameters, including the fraction of restricted spins in the tissue [denoted f, where 
f=M0B/(M0A+M0B)]. The MTR has been proved to be reduced in many pathological processes, 
such as demyelination, because the relative  magnetizations of the two proton pools are altered; 
in particular, the restricted proton pool fraction f is reduced [52]. 
Since the MT effect is produced by partially saturating the restricted protons, errors in the 
amplitude of the applied RF pulses directly propagate to errors in the measured MTR. B1 errors 
commonly stem from two sources [44]. Above all, we need to consider RF non-uniformity, 
which can arise from three effects: (a) intrinsic nonuniformity of the transmitter coil; (b) the skin 
depth, or the RF penetration effect, where the RF field inside an electrically conducting object is 
attenuated; and (c) dielectric resonance, which increases the RF field inside the object, 
particularly one containing water (because of its high dielectric constant). Furthermore, it is 
advisable to carry out relevant pre-scan procedures to adjust the transmitter amplitude for each 




5.2.3 Voxel volume 
The signal comes from excited protons in the selected slice plane. The value of spins in the 
parallel state during excitation is proportional to the static magnetic field intensity [54]. The 
larger the field intensity, the higher the magnetization of spins in the parallel state (available to 
create the MR signal). Thus, the signal intensity varies almost linearly with the main field 
intensity. Assuming a uniform proton density, the number of excited spins is proportional to the 
voxel size, and thus the signal magnitude increases linearly [55]. 
One of the most important parts in MR consists in the magnetic tomograph, where it is very 
important that the magnetic field inside the tomograph working space should be highly 
homogeneous [48]. The magnetic field homogeneity is a basic requirement (deviations from B0 
in the order of 10
-8
 T). 
The magnetic field B0 in the workspace of the magnet is chosen within the range of 
0.1  10 T; a magnetic field exhibiting the induction value of 0.3 T can be obtained via 
permanent magnets of large dimensions, and electromagnets are used to generate fields up to 
0.5 T [56]. In MR instruments, the generation of higher density magnetic fields is achieved 
through the use of superconducting magnets. Their advantage lies in that they create a high, 
stable magnetic field, provide a large working space, and require practically zero operational 
energy [57]. 
The basic layout of an MR magnet is shown in Fig. 35 below. The related dimensions refer 
to an 200 MHz tomograph operated by the Institute of Scientific Instruments (ISI, ASCR) and 
used in the experiments [58]. A superconducting solenoid creates the basic magnetic field 
induction of 4.7 T. 
In the operating area of the magnet, an RF coil is placed to facilitate the excitation of the 
nuclei and the sensing of the MR signal; in addition to the RF coil, the area comprises not only a 
correction coil system improving the local homogeneity of the magnetic field in the working 
space of the magnet but also a gradient coil system for the creation of the gradient fields Gx, Gy, 
Gz.. Three of the gradient coils allow controlled deformation of the magnetic field in three basic 
spatial directions, namely x, y, and z; the fourth coil, known as G0, enables us to change the basic 
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magnetic flux density in the whole area of the magnet (it is not a gradient coil in the true sense of 
the term). All these parts of the magnet, along with a tomographic probe as a device for the 
manipulation and fixation of the measured object, affect the shape and intensity of the magnetic 
field inside the magnet’s workspace [59]. The homogeneity and stability of the gradient field 
fundamentally affect the quality of a tomographic image and determine the complexity of the 
measurement techniques [60]. 
The application of a nonselective 180º pulse around the x axis is performed in the phase-
sensitive B1 mapping method, where the nonselective 90º flip angle around the y axis follows the 
last pulse directly. The inhomogeneity of B1 causes flip angle errors; significantly, the 180º and 
90º angles set via the software tool exhibit different characteristics in practical applications, and 
therefore the generally used angles are 2α and α, which comprise a certain degree of deviation. 
If the field B0 is perfectly homogeneous, the primary pulse α will flip the magnetization 
vector into the plane x, y, and the subsequent pulses exhibiting the value of 2α will reverse the 
polarity of the refocusing magnetization moments in the plane x, y [61],[62]. The actual 
projection of the magnetization vector into the individual axes x, y, and z is described by the 
formulas below. 
  𝑀x = −𝑀0 sin 𝛼 𝑐𝑜𝑠2𝛼,  5.3 
 𝑀y = 𝑀0 sin2 𝛼,  5.4 
 𝑀z = 𝑀0 cos 𝛼 𝑐𝑜𝑠2𝛼.  5.5 
 





The figure above describes the following phenomena: a) Mxy created for resonating spins 
with the initial angle 2α and variable angles α; b) Mxy for spins with different off-resonance 
phase accrual values during the interval τ for various flip angles α, with a positive initial 2α 
pulse; c) Mxy for a negative initial 2α pulse [63],[62]. 
The phase magnetization Mxy can be used to measure the flip angle. The relevant study by 
Morell (2008) comprises an analysis of the inhomogeneous B0 field and cores off resonance. 
Even if B0 is inhomogeneous, Mxy remains a flip angle function in the wide range of the offset. 
However, for accurate determination of the flip angle, it is necessary to know the measured value 
at each point of the image. The offset can be determined, for example, by using a fast gradient 
echo sequence with the mapping of B0. The phase image is in fact not influenced by other 
factors, such as eddy currents in the body; it is necessary to perform two acquisitions [64],[65]. 
5.2.4 Artifacts in the measured image 
In specialized literature, these effects are specified as an artifact phenomenon which cannot 
be eliminated; it is therefore important, in the very least, to consider it during the measurement 
and try to quantify the extent of its influence [66]. The description of this effect can be started by 
the formula for transverse magnetization during acquisition; the formula is a function of time and 
is given as 
 𝑀T(𝑡) = ∬ 𝑚(𝑥, 𝑦)𝑒𝑥𝑝 (−𝑗(𝑘𝑥𝑥 + 𝑘𝑦𝑦))𝑑𝑥𝑑𝑦𝑥𝑦 . 
 5.6 
The equation describes transverse magnetization as a function of time during the acquisition, 
and it is valid for an ideal measurement; it does not describe, however, two basic phenomena that 
cause considerable error in such measurement. The first effects of the discussed type are the T2 
(or T2
*
) relaxation and resonance offsets. The latter offsets occur when the angular frequency of 
the rotating reference sample does not correspond to the Larmor frequency of the local magnetic 
field [60]. The angular frequency is given by the relation ω0 = γ B0, where B0 is the ideal value of 
the elementary magnetic field. The real elementary magnetic field of the tomograph is not 
entirely homogeneous, and the related variations may play an essential role in image capturing 
carried out by means of certain measurement sequences [65]. 
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The above-quoted formula (5.6) comprises ideal measurement members multiplied by the 
function describing T2 relaxation and resonance offsets. T2 relaxation can not be avoided in any 
measurement; the relaxation relates to the elementary field inhomogeneity, which always occurs 
in an MR magnet. Instead of the expected value of MT (t), we can thus measure the value given 
by the equation 
 𝑀T
´ (𝑡) = 𝑀𝑇(𝑡)𝑒𝑥𝑝 (
−𝑡
𝑇2
) 𝑒𝑥𝑝(−𝑗𝛾𝛿𝐵𝑡).  5.7 




∬ 𝑀⊤𝑘𝑥 𝑘𝑦 (𝑘𝑥, 𝑘𝑦)𝑒𝑥𝑝 (+𝑗(𝑘𝑥𝑥 + 𝑘𝑦𝑦)) 𝑑𝑘𝑥𝑑𝑘𝑦, 
 5.8 
which was established via the Fourier transform, we obtain the resulting relation 
 
𝑚´(𝑥, 𝑦) = ∬𝑀⊤
𝑥






where we assume that the constant (2π)2 is included in m'. Reference describes the derivation of 
formula (5.10) for the SE method that compensates the inhomogeneity of the basic magnetic 
field. In the reading direction, we can therefore derive the expression 









)} 𝑒𝑥𝑝 (−𝑗𝑘𝑥𝑥)𝑑𝑘𝑥.   5.10 
It can be inferred that the quantity m´(x) is weighted by the term (-TE/T2) and constitutes a  
convolution of the Fourier transform MT (kx) and two exponents. The first exponent describes the 
T2 relaxation, and the second one relates to the resonance offset term, which is equal to γΔB. 
For the gradient echo (GE) method, which compensates the influence of inhomogeneity and 
magnetic susceptibility, it is possible to derive the expression 
 


















 and by adding the phase component 𝑒𝑥𝑝(−𝑗𝛾𝛥𝐵𝑇𝐸). The 
effect of relaxation and resonance offset will be described in the sections below. 
5.3 Artifacts due to resonance offset 
The dependence of the position of ΔB can be approximated by formula (5.12). The first term 
of this expression describes a constant offset and the difference in field strength, e.g., between 
water and fat [29]. The second member is a first approximation of field changes in 
inhomogeneous areas such as the edge of the homogeneous field of an MR magnet [55]: 
 Δ𝐵 = 𝛼 + 𝐵𝑥.  5.12 
If the member β is zero, the second exponent is not considered in the above equation (5.11), 
and we can introduce the formula 
 𝑥´ = 𝑥 +
𝛼
𝐺𝑥
.   5.13 
This implies that ΔB = α causes a shift equal to the geometric element α / Gx. At the fat-
water boundary, such a shift equals to ΔB / B0 =3.3 ppm, which results in the value of α = 5 μT at 
the field strength of 1.5 T. In the reading direction with gradient 5 mT / m, this corresponds to 
the distance of 1 mm. 
If the member β is non-zero, we introduce the term: 







Then the relation (5-11) for the GE (the procedure is similar for the SE) can be rewritten as 
 















The term before the integral describes the influence exerted by T2
*
 relaxation and resonance 
offset on the size of the echo signal. The difference between m´(x) and m´(x´) is referred to as 
distortion and manifests itself in three ways: 
• the image is shifted by the distance (α + βx) / Gx, 
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• the image is increased by the factor (1 + βx) / Gx, 
• the intensity image is multiplied by the factor ((1 + βx) / Gx) 
-1
. 
It is also important to note that the magnetization depends on ΔB. Further description of 
this phenomenon for the echo-planar imaging (EPI) method and other MRI techniques can be 
found, for example, in reference [66]. 
5.4 Artifacts due to T2
*
 relaxation 
We will now describe the effect of T2
*
 relaxation in GE imaging. The member before the 
integral in the previous formula (5.15) affecting the intensity and phase of the signal can be 
omitted, and we thus obtain the expression 





The Fourier transform of the exponent is well known as a complex Lorentz function given 








In relevant research studies, it is often derived that the effect of the relaxation is not apparent 
in the direction of the read gradient, and if the measuring gradient is sufficiently large, we do not 
need to consider either the shift in the transition between two materials or the magnetic field 
homogeneity [25]. In the phase-encoding gradient direction, it can be inferred that the SE is 
compensated for both the influence of the resonance offset and the T2
*
 relaxation. For the GE, 
this method applies if the amplitude images are measured, but the phase is not compensated due 




6 EXPERIMENTAL MEASUREMENTS 
The measurement was performed on an MR tomograph (4.7 T, 120 mm, 200 MHz) for 
1
H 
nuclei operated by the ISI Brno. The measured sample was placed inside the cubic vessel shown 
in Figs. 20 and 21. Generally, the measurements are first performed with the sample in the initial 
position; then, the position of the sample is changed, and subsequently the magnetic field can be 










Figure 19: The scheme illustrates the placement and dimensions of the specimen. 
 





Figure 21: The scheme illustrates the placement of the specimen. 
The 2D data were measured in the center of the sample (point 3 in Fig. 21 a, b) using 
a tomographic system with the matrix of 128x128 complex points. These data were then further 
processed in Marevisi and Matlab.  
 
Figure 22: Samples of  copper and plastic. 
To eliminate the influence of the magnetic field inhomogeneities in the background, we 
performed two magnetic field measurements, namely with and without the sample. The data 
processing of the two measurements is shown in Fig. 23. Both the measured image matrices are 
transformed by the Inverse Fast Fourier Transform (IFFT) in Marevisi. Further processing was 
conducted using a Matlab algorithm. The first step was performed on two images to reduce the 
noise [67]. After completing the reduction, we obtained the complex 2D data and proceeded to 
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the next step – phase unpacking or unwrapping. This is peformed because, during the 
measurement via the unsymmetrical spin echo method, the phase was “wrapped“  in the range of 
values -π and π. The difference between the two measured images was obtained, and the 



























Figure 23: The algorithm for the processing of phase images obtained via the GE technique. The input data consist 
of a 2D matrix of the complex numbers forming the measured image. 
 
MR data measured with the sample 
IFFT 
Normalization of brightness 
Reduction noise from the image 
 
Unwrapping  
MR data measured without sample 
IFFT 
Normalization of brightness 




ConversionΔ => ΔB 
Export to Matlab 
Calculation of susceptibility 
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The TE echo times should be chosen with care. The first echo time should be set to the 
lowest possible value with respect to technical parameters of the tomograph. The last echo time 
can be selected either on the basis of the known inhomogeneity or experimentally. Other echo 
times can be distributed linearly between the measured points [68]. If a whole image is 
measured, we need to perform approximation in every pixel/voxel of the image. For high-
resolution images, it is important to consider the computational complexity of the approximation 
algorithm. For example, the genetic algorithm is not a suitable option [69].  
 
A complete overview of the measurement parameters and the times TE is given in Tabs. 6.1 
and 6.2; the times were selected with regard to the rate of decline of the signals in the images, 
and thus they were lower for the GE than for the SE. The lowest TE times were chosen so that 
the transient process after excitation could not affect the measured images or could remain as 
low as allowed by the MR tomograph (Fig. 24). 
Table 2: The gradient echo method at T2. 
GE, T2 TE(ms) 




Table 3: The gradient echo method at T2. 
SE, T2 TE(ms) 










Figure 24: a) The relaxation process after excitation; b) The flip angle representation. 
 
Any deformation of B0 causes the dephasing of magnetization moments, and therefore the 
relaxation process affects the inhomogeneity of the basic field B0 [70]. Dephasing leads to a 
faster drop of the FID signal and shortens the relaxation time T2
*
. Five images were obtained by 
means of the GE technique, as is shown in Figs. 25, 26, and 27. The magnitude drop in the 
bottom left corner of the vessel is marginal; it is caused by the B0 inhomogeneity not having been 
duly corrected by the shim coils. This is a limiting factor for any successful approximation of the 
measured points. 













             TE = 20 ms                                                      TE = 30ms 
 
Figure 26: Magnitude images for the GE sequence (TE = 20 ms and 30 ms). 
 
               TE = 50 ms 
 
Figure 27: Magnitude images for the GE sequence (TE = 50 ms). 
The SE method compensates for the B0 field inhomogeneity; therefore, we measure the true 
relaxation T2. It is, however, necessary to select a suitable sample to eliminate the influence of 

























where γ is the gyromagnetic ratio of 1H. The value B0 is the overall and, in a way, average 
value of the B0 inhomogeneity in any pixel/voxel. 
The sample, namely a plastic or copper plate, was inserted in the cubic glass vessel. The B0 
inhomogeneity without the sample is presented as background and can be subtracted from the 
measurement. The plastic sample is non-conducting and exhibits a significant (not exactly 
determined) value of susceptibility. Conversely, the copper sample is a good conductor with 
a low susceptibility value; this sample exerts minimal influence on the B0 inhomogeneity. Traces 
of distortion are visible only in the immediate vicinity of the copper plate; the distortion is 
probably caused by a flip angle error and possible inaccuracy in the T2 approximation. In the 
plastic sample, B0 changes significantly in the whole space of the water-filled cube. The maximal 
value of the B0 inhomogeneity is 4·10
-7
 T. 
Fig. 28(a) below represents a map of the magnetic field obtained via the SE method; Fig. 
28(b) then shows the same map measured with the GE technique. Both these images were 
measured without the sample and describe the magnetic field inhomogeneity. Fig. 28(c), B0, 
represents the reaction magnetic field, which can be calculated from Fig. 28(a) and Fig. 28(b); 




Figure 28: Maps of the B0 inhomogeneity estimation and final results for the measurement without the sample. 
The data presented in Fig. 29 and Fig. 30 are measured in the same manner as those from 
Fig. 28, but there is a difference in that Fig. 29 relates to the plastic material and Fig. 30 shows 
the copper sample. 
 












Immediately after excitation, the NMR signal magnitude is proportional to the basic field 
strength represented by Mxy and the flip angle α. The magnetization is expressed by 
 𝑀xy = 𝑀z sin(𝛼).   6.3 
The flip angle is a linear function of both the B1 field strength and the length of the excitation 
pulse TE: 
 𝛼 = 𝛾𝐵1𝑇𝐸.   6.4 
 The B1 inhomogeneity map can be represented by the map of the flip angle α. The task is to 
find Mxy in the time t = 0. The Mxy ratio is theoretically the same for both the GE and SE 
methods. We can use the average Mxy of the GE and SE weighted by the exponential 
approximation accuracy. 
 





Figure 33: Flip angle errors for Cu (α =30°, α = 45°, α = 90°). 
 
Fig. 32 and Fig. 33 show the flip angle error for the copper and plastic samples used 
previously in the B0 inhomogeneity measurement. A comparison of the background in the 
different samples will show that the plastic sample exhibits minimal influence of excitation of 
the whole space [7]. Conversely, the copper sample has a substantial effect on the RF field; there 
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are regions where the nuclei are overstimulated or inadequately excited. The relevant regions of 
the specimen can be clearly seen in a small flip angle. The major disadvantage of the proposed 
method is that we cannot recognize whether the flip angle is over or below 90°. For example, the 
magnitude of the signal after excitation is the same for the flip angles of 80° and 100°. 
Supe rconductive magnets are the strongest known electrical magnets, and they are used in 
magnetic resonance imaging. The superconductivity magnet described in this chapter has 
a diameter of 200 mm and is equipped with classical gradient coils Gx, Gy, Gz. The diameter of 
the workspace is 120 mm. The gradient saddle coils Gx and Gy are based on printed circuits, 
while the coils Gz and B0 are cylindrical and made of copper wire. 
The mapped field is located inside the working space of the tomograph, which consists of a 
cylindrical cavity with a diameter of 120 mm. Inside this cavity, it is possible to map a field of an 
arbitrary size, which is only limited by the working space dimensions. The central limiting factor 
of MRI mapping techniques lies in the current technological abilities of tomography; based on 
these, we can consider the maximum spherical volume with a diameter of 70 mm in the utilized 
experimental tomograph. 
 
Figure 34: The magnetic field measurement in the workspace of the tomograph (left) and a view of the actual 
workspace (right). 
In field mapping, it is important to measure only the axial component of the magnetic flux 
density B0, which coincides with the direction of the z-axis. The axial component is decisive for 
determining the inhomogeneity of the field at the given point; the magnetic flux density 
components in the other directions can be neglected because their size is negligible compared to 
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the axial component [72],[73]. The sensitivity of the MR method is 105 times lower for the field 
in the x, y directions in comparison with the field component in the z-axis. 
 
  
Figure 35: The tomograph operated by the ISI, ASCR Brno. 
The tomograph operated by the Institute of Scientific Instruments, ASCR contains a 
superconducting solenoid, which generates a magnetic field having the induction of 4.7 T 
(namely 200 MHz for the cores of 
1
H). Fig. 36 shows a cross-section through the magnet, 
including the tomographic probe. The workspace of the device is indicated by the hatched sphere 




Figure 36: A section through the tomograph. 
The superconducting magnet generates a static field, and the homogeneity of this field can 
be improved by the correction coils. The gradient coils enable the creation of spatial gradients, 
and the vf coil excites the cores and senses the signal [74]. 
6.1 Unsymmetrical spin echo method 
For the mapping of the basic magnetic field, the gradient echo method is normally used. The 
disadvantage of this technique is the necessity to perform phase jump unwrapping in the phase 
image [75]. In the case of a large inhomogeneous magnetic field caused by a large magnetic 
susceptibility of the measured sample, the calculation of the phase is very complicated or even 
utterly impossible. Therefore, the modified spin echo method has to be used; this method is 
shown in Fig. 37. 
The mapping of the induction of the basic magnetic field is usually carried out via the 
gradient echo method [9MeasSciTechn.3]. The main disadvantage of this technique consists in 
the need to perform phase jump unwrapping in the phase image. In the case of a large magnetic 
field inhomogeneity caused by a high magnetic susceptibility of the measured tissue, the related 
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computation is problematic and often ambiguous, and for this reason the modified spin echo 
method [9MeasSciTechn.3] is used. This technique facilitates the encoding of the inhomogeneity 
of the magnetic field ΔB (x,y) into the MR image phase within a range smaller than 2and 
























Figure 37: The spin echo sequence with the time interval TP inserted into the interval T1 for mode I and T2 for mode 
II. 
For the phase encoding of the magnetic field inhomogeneity ∆B (x, y), an additional time 
interval Tp is inserted in the conventional spin-echo sequence; this interval will shift the position 
of the spin echo out of the gradient echo centre. If the Tp is inserted between    and 𝜋 pulses, 
the spin echo center will be delayed in time delay (mode I), and if the Tp is inserted between the 
pulse and the acquisition, the spin echo center will precede the gradient echo centre (mode II).  
The total transverse magnetization MT (t) excited nuclei layer can be expressed as 
 𝑀T(𝑡) = ∬ 𝑚(𝑥, 𝑦)𝑒
−𝑗 ∫𝜔(𝑥,𝑦,𝑡)𝑑𝑡𝑑𝑥𝑑𝑦
𝑠𝑙𝑖𝑐𝑒
,   6.5 
where m (x, y) isthe distribution of nuclei in the measured magnetization layer. 
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The measured magnetization is not affected by the relaxation mechanisms T2. In reality, the 
relaxation time T2 affects the size of the measured magnetization m (x, y), and the signal-to-noise 
ratio of the measured image is the same as in conventional SE techniques [75]. The angular 
frequency of the resonating nuclei ω(x, y, z) depends on the basic magnetic field B0 and on its 
changes due to the inhomogeneity of the basic magnetic field of the magnet ΔBM (x, y) and the 
applied gradient [76]. 
For simplification, an ideal state is assumed in formula (5.1) and the following sections of 
the text; under this presumed condition, the measured magnetization is not influenced by 
relaxation mechanisms T2. In reality, the relaxation time T2 affects the magnitude of the 
measured magnetization m(x,y), and the signal to noise ratio is identical with that found in 
common SE techniques.  
The angular frequency of the resonating cores ω(x, y, z) depends on the elementary 
magnetic field B0 and its changes caused by both the inhomogeneity of the elementary magnetic 
field of the magnet ΔBM (x, y) and the applied gradient. 
If the measured cores are in resonance, namely the vf pulse signal frequency equals the resonant 
frequency of the cores γ B0, we can write 
 𝜔(𝑥, 𝑦, 𝑡) = 𝛾[Δ𝐵M(𝑥, 𝑦) + 𝐫. 𝐆(𝑡)],  6.6 
where γ is the gyromagnetic ratio of the nucleus and r is used in the direction of the coordinate 
system. 
6.2 Correction of B1 errors 
The relation between MTR and B1 is nonlinear; the discrepancy between MTR and B1 
depends on the difference between tissue types. The angle between the magnetization vectors 
before and after excitation by an RF pulse is called flip angle α, and the extension of the flip 
angle depends on the energy [77],[78]. The flip angle generated by an amplitude-modulated RF 
pulse is given as 
 𝛼 = 𝛾 ∫ 𝐵1
𝑡RF
0
dt.   6.7 
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In magnetization transfer ratio (MTR) measurements, there occurs the problem of B1 errors, 
where the MTR value depends on the amplitude of the magnetization transfer pulse. The errors 
of B1 arise from radio frequency [68].  
In the case of an RF impulse with rectangular envelope, we can express the flip angle by 
means of a simple formula: 
 𝛼 = 𝛾𝐵1𝑡𝑅𝐹,  6.8 
where γ is the gyromagnetic ratio of the nuclei, and the imaging time depends mostly on 
the readout method. 
In MR tomography, the flip angle α = 90° is widely used because the value of the transversal 
component of magnetization Mxy is maximum, and the size of the xy part of the flip angle after 
the end of excitation is given by 
 𝑀𝑥𝑦=𝑀0 sin 𝛼.   6.9 
The amount of MT is measured by the MT ratio MTR, as shown in the following equation: 
 𝑀𝑇𝑅 = 100 [
𝑀0−𝑀𝑠
𝑀0
].   6.10 
The radio frequency RF is applied (to the immobile pool) slightly off resonance for the free 
pool; the ratio is obtained from the MT saturation Ms and without the saturation M0. The B1 
errors are raised from the magnetization transfer ratio (MTR), where the value of the 
magnetization transfer ratio is dependent on the amplitude of the magnetization transfer 
pulse[49],[78].  
MR images exhibiting the dimensions of 60x60 mm (and the resolution of 256x256 pixels) 
were measured by the spin echo method with different flip angles. The amplitudes of the 
normalized images were converted into the RF magnetic flux density B1 through the use of the 
formula 
 𝐵1 = 𝐵1, 90 𝑎𝑟𝑐𝑠𝑖𝑛 (
𝑀
𝑀0




7 CONCLUSION  
The merit of the thesis consists in establishing the optimum magnitude of the flip angle . 
This optimum magnitude corresponds to 30°; at this angle, the image contained the smallest 
number of artifacts. 
The said flip angle is determined to ensure the maximum contrast of the measured RF 
magnetic field map. Different RF-pulse amplitudes with repeated acquisitions are used to 
provide the local B1 field strength in each slice (the ‘transmit gain’, the ‘flip angle’). The flip 
angle error Δα is indicated for the copper and plastic specimens used previously in the B0 
inhomogeneity measurement. A comparison of the background in the different samples will 
show that the plastic sample exhibits minimal influence of excitation in the whole space. 
Conversely, the copper sample has a substantial effect on the RF field; there are regions where 
the nuclei are overstimulated or inadequately excited. The relevant regions can be clearly seen in 
a small flip angle. The major disadvantage of the proposed method is that we cannot recognize if 
the flip angle is over or below 90°. For example, the magnitude of the signal after excitation is 
the same for the flip angles of 80° and 100°. 
 
The relaxation times T2 and T2
*
 and the initial magnetization after the excitation Mxy are 
used to estimate the B0 and B1 inhomogeneity (see chapter 6). The benefit of the newly designed 
method consists in that there does not have to exist any mutual influence between the 
inhomogenities. The technique is limited by two aspects, namely loss of the FID signal 
magnitude below the noise level in the case of a high inhomogeneity and the fact that we know 
only the absolute flip angle error. The quality of the B0 inhomogeneity strongly depends on 
successful approximation of T2
*
. The method combines the gradient and spin echo acquisition 
techniques to differentiate the T2 and T2
*
 relaxation times. 
This work proposes a method to decrease the influence of the static magnetic field 
inhomogeneity in the measurement of error B1 via magnetic resonance imaging. The thesis 
shows different techniques for the measuring and mapping of a magnetic field; these methods are 




In addition, the technique facilitates the determination of the basic and RF field 
inhomogeneities in NMR based on the values of T2 and T2
*
. 
The thesis introduced the fundamental theory of artifacts occurring in measurements with 
magnetic resonance tomographs and provided a description of approaches to artifact elimination. 
One of the most prominent artifact sources is magnetic susceptibility, which significantly affects 
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